Purpose: Application of advanced imaging techniques, such as PET and x ray CT, can potentially improve detection of breast cancer. Unfortunately, both modalities have challenges in the detection of some lesions. The combination of the two techniques, however, could potentially lead to an overall improvement in diagnostic breast imaging. The purpose of this investigation is to test the basic performance of a new dedicated breast-PET/CT. Methods: The PET component consists of a rotating pair of detectors. Its performance was evaluated using the NEMA NU4-2008 protocols. The CT component utilizes a pulsed x ray source and flat panel detector mounted on the same gantry as the PET scanner. Its performance was assessed using specialized phantoms. The radiation dose to a breast during CT imaging was explored by the measurement of free-in-air kerma and air kerma measured at the center of a 16 cm-diameter PMMA cylinder. Finally, the combined capabilities of the system were demonstrated by imaging of a microhot-rod phantom. Results: Overall, performance of the PET component is comparable to many pre-clinical and other dedicated breast-PET scanners. Its spatial resolution is 2.2 mm, 5 mm from the center of the scanner using images created with the single-sliced-filtered-backprojection algorithm. Peak NECR is 24.6 kcps; peak sensitivity is 1.36%; the scatter fraction is 27%. Spatial resolution of the CT scanner is 1.1 lp/mm at 10% MTF. The free-in-air kerma is 2.33 mGy, while the PMMA-air kerma is 1.24 mGy. Finally, combined imaging of a micro-hot-rod phantom illustrated the potential utility of the dual-modality images produced by the system. Conclusion: The basic performance characteristics of a new dedicated breast-PET/CT scanner are good, demonstrating that its performance is similar to current dedicated PET and CT scanners. The potential value of this system is the capability to produce combined duality-modality images that could improve detection of breast disease. The next stage in development of this system is testing with more advanced phantoms and human subjects.
INTRODUCTION
The importance of early detection of breast cancer in women with dense breasts [1] [2] [3] [4] [5] [6] [7] [8] [9] [10] is an important motivating factor for the development of dedicated breast scanners. Many of these systems are based on the use of positron-emitting or single photon-emitting radiopharmaceuticals. The first positronemitter-based system, known as positron emission mammography (PEM), was proposed in 1994 by Thompson et al. 11 It utilized a pair of stationary, planar detectors to produce maps of the distribution of 18 F-Fluorodeoxyglucose (FDG) in the breast. Since this first scanner was introduced, systems utilizing rotating planar detectors and rings of detectors have been developed. [12] [13] [14] [15] [16] [17] [18] [19] [20] [21] [22] In addition to positron-emitter based scanners, several based on the use of single-photon emitting radionuclides have been also constructed. [23] [24] [25] [26] [27] [28] Dedicated breast imaging has extended beyond Nuclear Medicine methods to include the creation of x ray computed tomography (CT) systems. The first cone beam, breast-CT system was developed in 2001 by Boone, et al. 29 Subsequently, additional academic researchers have created similar devices, [30] [31] [32] including one combined with a SPECT scanner, 33 the first commercially available, FDA-approved scanner 34 and phase-contrast-based systems. 35, 36 The potential benefit of these devices is the ability to improve soft tissue contrast, possibly enhancing detection of small lesions, detection of micro-calcifications and guidance of the biopsy of suspicious lesions.
The combination of breast-PET and CT scanners has the potential to produce a symbiotic relationship between the two modalities that promises to enhance detection and diagnoses of breast cancer. Specifically, CT images could add anatomical information regarding the size and shape of lesions identified with PET. PET images could aid in determining the metabolic activity, and possibility of malignancy, in lesions identified with CT. In addition, the information obtained from the CT images could be used to enhance corrections for physical processes degrading PET images (e.g., photon attenuation and Compton scattering ), which is required if the images are to be used to quantitate radiotracer uptake. Furthermore, accurate quantitation of radiotracer uptake could be enabled by use of the CT images to calculate partial volume corrections for small structures identified in PET scans. It is likely that PET/CT imaging will not be used as a first line screening tool due to use of a systematic injection of radiopharmaceuticals. Instead, this procedure will be used to examine the breasts of women that have some pre-disposition for breast cancer (e.g., genetic or personal risk factors ) with indeterminate mammograms due to high breast density or other factors. The first combined scanner was created at UC-Davis in 2009. 37, 38 In addition to this effort, the dedicated breast-PET system developed at West Virginia University 39, 40 has been modified to include a conebeam x ray CT scanner. Specifically, one pair of its PET detectors was replaced with the components of a cone beam CT scanner (x ray source and panel detector). The purpose of this work is to evaluate the basic performance characteristics of both components of this new system.
MATERIALS AND METHODS

2.A. PET component
The PET component of the WVU breast-PET/CT scanner consists of a pair of detector heads, separated by 27.8 cm. Each detector head is comprised of a 96 9 72 array of 2 mm 9 2 mm 9 15 mm LYSO scintillator elements, pitch = 2.1 mm, coupled to a 4 9 3 array of Hamamatsu model H8500 flat panel position-sensitive photomultipliers (PSPMTs). 39 Individual PSPMTs are readout by multiplexed electronics that reduces the output signals from sixty-four to four channels (2X and 2Y) (Vorg Electronics, Yorktown, VA, USA). 41 These electronics also produce a single sum output signal whose amplitude is representative of the total amount of light detected by the PSPMTs. Thus, these pulses are equivalent to the amount of energy deposited by an annihilation photon in the scintillator. To maximize collection of scintillation light, including light produced by elements at the edges of the scintillator array, a new method for optically coupling the scintillator to the PSPMTs was employed. Specifically, each of the twelve PSPMTs is individually coupled to the LYSO array via a tapered, pixelated, 5.3 mm-thick light guide (Agile Engineering, Knoxville, TN, USA). 42 Coupling of the light guides to the scintillation arrays and PSPMTs was performed with a silicone-based gel that provided good light transport and mechanical stability. While some scattered x rays are detected by the PET detectors, this effect is small because they are moved out of imaging position and, since we are not performing simultaneous scanning, detection of these events does not interfere with imaging. We also have found that with LYSO there is no afterglow from exposure to x rays. Thus, there is no necessity to include x ray shielding of the PET detectors.
To reduce the processing load on the hardware, the sum pulses from each PSPMT array were combined to create four columns of three PSPMTs. Thus, instead of combining 12 PSPMT sum signals to form a single channel, four summed outputs are produced, each containing information from three PSPMTs. This task was performed by a specially designed module created in collaboration with Vorg Electronics (Yorktown, VA, USA). The eight sum signals (four from each detector head) are processed by a discriminator/coincidence module developed in collaboration with Mesytec, GmBH (Putzbrunn, Germany). This device can accommodate a maximum of 16 input channels, each channel consists of a computer-controlled constant fraction discriminator and fast amplifier. The input from a given channel can be placed in coincidence with any combination of other inputs. For our application, signals from each column of one of the PSPMT arrays are in coincidence with the signals from the four columns of the opposing detector head. The width of the coincidence-timing window is selectable (our system uses an 8 ns-wide window).
When a coincidence event is identified, a TTL pulse is generated and used to initiate a conversion of the analog X and Y signals from the readout electronics to digital output by a specially designed 64-channel, FPGA-based analog-to-digital converter (ADC) (AiT Instruments, Newport News, VA, USA). The center-of-mass of the light distribution is used, in conjunction with a previously calculated lookup table, to determine the position of photon interaction in the detector. Figure 1 shows a schematic of the data acquisition system. The energy of each event is calculated using a premeasured table that converts the summed signal amplitude to energy. These values, as well as the position of each event, are stored in list mode format. To estimate the random coincidence rate, a second data acquisition system mirroring the first one is used, with the exception that analog to digital conversions are initiated by delayed triggers. Specifically, the trigger pulses from one of the detector heads are delayed by 14 ns and placed in coincidence with the prompt trigger signals from the other detector head. Separate coincidence units and computers are used to process the prompt and delayed triggers.
PET data are acquired by rotating the detectors in step-andshoot mode. The dwell time at each position is user-selectable. On the basis of initial clinical tests of the first-generation system, 40 we estimate imaging time to be~6 min per breast. The resulting list mode data are reconstructed using ordered set expectation maximization (OSEM), 43 except for NEMA NU4-2008-based measurements of spatial resolution, which utilized single-slice rebinned-filtered backprojection (SSRB-FBP). 44 Estimates of random coincidence and Compton scattered event rates, as well as the effect of photon attenuation are incorporated into the reconstruction algorithm (Eq. 1).
Here, s n j is the estimate of the activity in the jth source voxel for the nth iteration, p i is the ith line-of-response (LOR) data, A ij is the system matrix element giving the probability that an emission in source voxel p i will result in a detected coincidence event in LOR j, r i is the estimated number of random coincidences for LOR i and sc i is the number of scattered events for LOR i determined from a model-based estimator. 45 Photon absorption along each LOR is corrected by applying attenuation factors (C i ) calculated from segmented breast-CT images. The event energy acceptance window is 350 to 650 keV. The field-of-view (FOV) of the PET scanner is 20 cm (transaxial) 9 15 cm (axial). Nominally, the reconstructed voxel size is 1 mm 9 1 mm 9 1 mm.
2.B. CT component
The CT component of the system consists of a Tungsten filament, pulsed x ray source (XRS-125-7K-P, Source-Ray, Inc., Ronkonkoma, NY, USA) (focal spot = 0.5 mm) and a 2520DX flat panel x ray detector (2 9 2 binning, 0.127 mm 2 detector pixel pitch) (Varian Medical Systems, Salt Lake City, UT, USA) operated in portrait orientation, minimizing the inactive region between imaging volume and patient chest wall. Indeed, selection of the 2520DX was mostly dictated by reduction in the inactive zone at the edge of the detector (5 mm) compared to common flat panel detector alternatives, such as the Varian 4030CB, which has a minimum inactive region of 34.3 mm. The upper edges of the x ray source, x ray detector and PET detector heads are co-planar. The distance between the top of edge of the x ray source housing and the exit port is 5.7 cm. An Aluminum bowtie filter (parabolic profile with thickness ranging from 2 cm at the edge to 2.6 mm in the center) is used to reduce radiation dose and scatter effects, in addition to reducing cupping caused by beam hardening. 46, 47 In addition to the bowtie filter, the x ray tube has 2.0 mm of Aluminum equivalent at 125 kVp fixed filtration. The source-to-detector distance (SD) is 68.5 cm, the source-to-rotation axis distance (SO) is 59 cm. This geometry is designed to maximize sampling of the chest wall region of the patient. While x ray beam energy is user selectable (70 kVp to 120 kVp), a typical scan utilizes an x ray energy of 80 kVp with a 6 mA beam current. Choice of x ray energy was based on work by Boone, et al. 48 The system is rotated at 9°/s for 40 s to complete a 360°clockwise rotation (300 total frames). The x ray beam is pulsed at 7.5 Hz (rise time is less than 5 ms). Data are reconstructed using the Feldkamp algorithm implemented on an array of graphics processing units (Hann filter, cutoff frequency = 2.0 mm À1 ). Reconstructed voxel size is nominally 0.3 mm 9 0.3 mm 9 0.3 mm. The FOV of the CT component is 16 cm (transaxial) 9 20 cm (axial).
2.C. Integrated PET/CT gantry
The PET and CT components are mounted on a computer controlled, rotating gantry (Fig. 2) . The elements of the two scanners (two PET detector heads, x ray source and x ray detector) are mounted on linear slides so that their distances from the center of rotation can be changed to adjust scanner geometry for the desired mode of operation. 39 Most of the electronics needed to process PET signals (PSPMT readout electronics, trigger segmentation electronics and ADCs) are mounted on the detector heads. The PET trigger signals are routed to the coincidence-processing unit via a slip ring (Moog, Inc., Blacksburg, VA, USA). PET detector bias high voltages and USB2 connections from the data acquisition computers to the ADCs are routed through a circular cable carrier (Igus, Inc., East Providence, RI, USA), since the slip ring is not capable of carrying these types of signals. The cable carrier also contains the electronics control and power cables for the x ray tube, in addition to the data link and power for the x ray detector. The use of the slip ring and circular cable carrier permits motion of up to 370°. Rotation of the gantry is controlled by a Newport Corp. (Irvine, CA, USA) ESP300 controller. Finally, a computer controlled, three-axis rotating arm that can hold a Bard, Inc. (Tempe, AR, USA) biopsy gun is attached to the gantry.
The system has two modes of operation: PET and CT. In PET mode, the detectors are moved to their imaging separation (27.8 cm), while the x ray tube and detector are moved outward to their maximum limits so that they are out of the PET FOV. The parameters for the step-and-shoot motion (number of steps, step dwell time and rotation angle per step) are entered via the user interface. Typically, nine steps of 20°(in the counter-clockwise direction) are used to sample the 180°r equired for a PET acquisition. Twenty-degree angular sampling is sufficient to sample the field-of-view (FOV). 49 After the initial step, the system calculates a new dwell time for each subsequent step to account for radioactive decay of the radionuclide. At each position, data from the acquisition computers are transferred, via a local area network, to a twelve core-PET reconstruction computer (Dell Precision R5500).
Following a PET scan, the user has the option to reset the gantry to perform another PET scan or switch to CT mode. In CT mode, the PET detectors are moved to their maximum retraction position, out of the CT FOV. The x ray tube and detector are then moved inward to their imaging positions (SD = 68.5 cm; SO = 59 cm). The gantry is rotated counterclockwise to the 365°start position. A clockwise rotation of 360°is required for the CT scan, the extra 5°of rotation allows the gantry to come up to speed at the start of the motion (no data is acquired during this time). During the scan, data are asynchronously transferred to the CT system computer for reconstruction. The CT images are registered with the PET images utilizing software written in the IDL software environment (Harris Geospatial Solutions, Inc., Broomfield, CO, USA). The software harmonizes image voxel sizes and utilizes a previously calculated rotation-translation matrix to align the images. CT images are also segmented for use with the attenuation and Compton scatter 50 The registered images are displayed using the AMIDE software package. 51 Though not tested in this work, the system possesses an additional mode of operation where image-guided biopsy samples from suspicious regions observed in the PET-CT images can be obtained.
2.D. Performance testing
Since many of the performance characteristics of the PET component (spatial resolution, count rate performance, detection sensitivity, effectiveness of correction methods and recovery coefficients) are anticipated to be closer to that of a pre-clinical system than a clinical scanner, the NEMA NU 4-2008 protocol 44 was used to evaluate the system. Specifically, spatial resolution was assessed with data acquired from a point-like source (1850 kBq protocol. 44 Data acquisition continued as the radionuclide decayed until the activity reached 0.52 MBq. The resulting data were sorted into sinograms from which estimates of total, true, random and scattered coincidence events rates, as well as the noise equivalent count rate (NECR) were calculated. Detection sensitivity was evaluated by stepping the 22 Na point-like source AE 7.5 cm along the central axis of the scanner in steps of 5 mm. At each position, coincidence count rate was measured to calculate the detection sensitivity of the system as a function of position. Finally, the imaging performance of the system was assessed using the NEMA NU 4-2008 quality assurance phantom. This device is a 3.35 cm-diameter 5.6 cm-long cylinder that consists of three compartments: a 3.3 cm long hollow area (uniformity section), a 1.5 cm long insert containing two 8 mm-diameter cylinders (one filled with water, the other with air) that fits inside the uniformity section (accuracy of corrections section) and a 2 cm-long solid section that contains five fillable cylinders (diameters = 5 mm, 4 mm, 3 mm, 2 mm, and 1 mm) (the recovery coefficient section). The phantom was filled with 3.7 MBq of solution containing 18 F. PET and CT data were acquired and used to produce attenuation and Compton scatter corrected PET images using OSEM (3 subsets). These images were utilized to assess image uniformity, accuracy of attenuation and scatter corrections, and recovery coefficients (a gauge of reconstructed image resolution).
Performance of the CT component was evaluated using protocols developed by Xoran Technologies. First, a custom, 15 cm-diameter resolution/contrast quality control (QC) CT phantom was imaged, in combination with water equivalent phantoms, (Fig. 3) using the standard breast-CT imaging protocol described above. CT image noise and cupping were determined by measuring the standard deviations of data obtained from four 10 cm 2 regions-of-interest (ROI) placed around the perimeter of images of the water-equivalent phantom. Mean CT numbers measured for each of the reference materials (Teflon, LPDE, Acrylic and air) embedded within the QC phantom were compared to known values. Spatial resolution was assessed by measuring the modulation transfer function (MTF) from images of a 10 cm-diameter, 2.5 cmthick acrylic disk containing a 50 lm-diameter tungsten wire. To demonstrate the imaging capabilities of the system, a micro-hot-rod phantom containing 1.5 MBq of FDG was scanned by the combined system. The PET scanning protocol used a 3 min dwell time per step (9 steps of 20°), the CT scan utilized the protocol described above.
Absorbed radiation dose to the breast is an important consideration for dedicated imaging systems, especially CT scanners. To gauge dose over the imaging area of the scanner, the air kerma was measured using a 10 cm-long ion chamber (Radcal model 20X6-3CT, Radcal, Inc., Monrovia, CA, USA) placed at the center of a 16 cm-diameter PMMA cylinder (Fluke Biomedical, Everett, WA, USA) during a standard CT imaging sequence (80 kVp, 6 mA), as described by AAPM guidelines. 52 In addition, the free-in-air kerma was measured at scanner isocenter. The half value layer of the x ray beam was measured using an Unfors Xi Platinum base unit (Unfors-RaySafe AB, Billdal, Sweden) connected to an Unfors-RaySafe Xi R/F detector. Table I shows results from the measurements of spatial resolution measurements at axial center and offset vertically by ¼ of the axial FOV. Figure 4 shows results from count rate performance testing. The peak true coincidence count rate is 39.5 kcps, measured at 15.7 MBq. Peak NECR is 24.6 kcps measured at 14.3 MBq; the NECR at 10 MBq is 22.2 kcps. The system scatter fraction and energy resolution is 27% and 17.5%, respectively. Figure 5 shows a plot of absolute sensitivity as a function of position in the scanner. The peak absolute sensitivity is 1.36%. Total system sensitivity is 218.9 kcps/MBq (24.1%). Images of the three sections (accuracy of corrections, uniform and recovery coefficient sections) of the NEMA NU 4-2008 quality assurance (QA) phantom are shown in Fig. 6 . The images are from the tenth iteration of the OSEM reconstruction algorithm (3 subsets), with attenuation and Compton scatter corrections applied. Table II shows the results from the assessment of image uniformity. Table III shows results from measurement of the recovery coefficients from the five small diameter rods. Table IV shows the results from measurement of the accuracy of the attenuation and Compton scatter corrections.
RESULTS
An image of the CT QC phantom is shown in Fig. 7 . Table V shows results from analysis of the images of the CT water-equivalent phantom that was scanned in conjunction with the QC phantom. Nominal target values based on the Xoran MiniCAT TM scanner (a currently-marketed CBCT system for paranasal sinus and temporal bone imaging) are also given. Figure 8 shows a plot of MTF at scanner isocenter. Analyses of images of the MTF phantom determined that the spatial resolution of the scanner is 1.1 lp/mm at 10% MTF amplitude. The images in Figure 9 demonstrate the combined scanning capabilities of the system. Specifically, it shows the PET, CT and registered PET-CT images of the micro-hot-rod phantom. The 1.6 mm-diameter rods are the smallest that can be delineated in the PET image, though some structure is visible in the 1.2 mm-diameter rod section. The good alignment of the two image sets illustrates the effectiveness of the registration process. The free-in-air kerma is 2.33 mGy, the air kerma measured at the center of a 16 cm-diameter PMMA cylinder is 1.24 mGy. The half-value-layer (HVL) of Aluminum for the x ray beam is 4.62 mm.
DISCUSSION
The complementary functional-anatomical information provided by PET and x ray CT applied to breast imaging promises to improve detection, diagnosis and treatment assessment of breast cancer, especially in women with difficult to image breasts. For example, PET imaging could help detect breast lesions in dense breasts that may be challenging to visualize with x ray CT alone, while CT may aid in detecting lesions that possess limited radiotracer uptake. In addition, density maps of the breast provided by CT imaging could be used for corrections of photon absorption and Compton scattering effects in PET image data, which is important for accurate quantitation of radiotracer concentrations in lesions and normal tissue. 53, 54 Furthermore, breast-CT images could be used to correct for the partial volume in quantitative PET imaging. Use of anatomical images of the breast may also become particularly important for applications employing the next generation of more tumor-specific radiotracers, since it may not be possible to identify the outline of the breast (due to the low uptake of tracer in normal breast tissue) used to define the extent of the breast necessary for calculated photon attenuation correction methods. 21 Furthermore, CT-derived density maps will likely be required for attenuation and scatter corrections of images of surgically enhanced or post-surgical breasts, because it will not be possible to assume uniform tissue density (an implicit assumption for the calculation of photon attenuation).
Exploration of the basic performance metrics of the PET scanner component of the combined system yielded good results. Specifically, its spatial resolution (Table I) is comparable to many pre-clinical PET scanners, 55 the breast-PET scanner developed by Garc ıa Hern andez, et al., 16 the scanner developed by the Kyoto University group, 19 the MAMMI-PET system produced by Oncovision 21 and the scanner constructed by the UC-Davis group. 37 Note the relatively small degradation of radial resolution as the source is moved toward the edge of the FOV. This phenomenon is due to the use of rotating planar PET detector heads, where the angle of incidence is lower at the periphery of the FOV (reducing depth-of-interaction effects) compared to the curved detector geometry present in ring scanners. 49 The modest peak NECR (Fig. 4) , while comparable to the peak NECR reported for the MAMMI breast-PET scanner (25 kcps) 21 and comparable to some pre-clinical scanners, 55 demonstrates a deficiency in the current design of the scanner's data acquisition scheme. Since, the outputs from the entire detector head are digitized for every coincidence event, there are unnecessarily high data processing loads on the electronics, reducing count rate performance. To address this weakness, work is under way to localize the sub-sections of the detectors that are producing relevant signals so that only these signals are digitized, reducing the amount of processing per event.
The PET scanner's peak sensitivity (1.36%) (Fig. 5 ) is comparable to the MicroPET TM P4 scanner, 55 but slightly lower than the breast scanner created by Garc ıa Hern andez, et al. (2.0%), 16 the MAMMI system (1.8%) 21 and the system created by the Kyoto group (11.2%) 19 due to our use of rotating planar detectors. We chose this geometry mainly because it simplifies integration of the CT scanner components and, importantly, because it facilitates access to the breast for image-guided biopsy. The results acquired from analyses of images of the NEMA NU4-2008-QA phantom, shown in Fig. 6 and Tables II-IV, characterize performance of the system when utilized with our implementation of OSEM [Eq. (1)]. The uniformity results (Table II) demonstrate the effectiveness of breast-CT-based photon attenuation and Compton scattering correction methods. The high spatial resolution of the scanner enhances recovery of counts from the rods in the phantom (Table III) (comparable to the capabilities of pre-clinical PET systems 55 ). The small spillover ratios calculated for the water-and air-filled cylinders (Table IV) reinforce the finding that the methods for corrections for random coincidences, photon attenuation and Compton scattering are effective.
Results from performance testing of the CT scanner ( Fig. 7 and Table V) yielded promising results, demonstrating the ability of the system to accurately identify materials of different density and to visualize small, low contrast objects. This capability, along with good spatial resolution and relatively low image noise should enable detection of suspicious regions in the breast, as well as provide accurate density maps necessary for effective corrections of annihilation photon attenuation and scattering. The system's spatial resolution (1.1 lp/mm at 10% MTF) measured at isocenter (Fig. 8 ) compares relatively well with the resolution (1.4 lp/ mm) of the first two generations of the UC Davis CT scanners (their Bodega and Cambria systems 56 ), but lower than the latest generation scanner (their Doheny system (3.6 lp/mm 56 )), and the system that utilizes a photon counting x ray detector constructed by the Erlangen group operated in "standard mode" (2 9 2 detector binning) (1.4 lp/mm). 32 The resolution is moderately lower than the FDA-approved scanner (1.6 lp/mm 57 ). Our system's resolution is much lower than the Erlangen group's scanner operated in "lCa mode", which utilizes 1 9 1 detector binning and a high-resolution reconstruction kernel (5.3 lp/mm 32 ) and the phase-contrast scanner developed by the University of Napoli group that utilizes synchrotron radiation (6.4 lp/mm). 31 While the current spatial resolution is likely sufficient for detection of many breast lesions and calculation of photon attenuation, which is the initial goal of our system, we are planning to improve the spatial resolution of our CT scanner by changing detector binning to 1 9 1 and implementing an enhanced, iterativebased reconstruction algorithm. Improvements in resolution may permit the system to detect some microcalcifications and very small lesions. The combined imaging of the micro-hotrod phantom (Fig. 9) demonstrated the good spatial resolution of both systems, and the ability to combine the images from the two components of the system.
The free in-air kerma (2.33 mGy) and air kerma (1.24 mGy) are reasonable estimates of the magnitude of dose that could be expected during a breast-CT scan with our system. We did not calculate mean glandular dose (MGD) due to differences in the geometry of our kerma measurements compared to measurements on other scanners. 48 In addition, our measurements were performed for our reference x ray source settings (80 kVp and 6 mA), so the relationship between image quality (which is partially dependent on beam energy and current) and dose as a function of breast size was not explored. A more detailed study of this relationship is planned. The air kermas, are however, similar to that measured for other systems. 48 The final stage in development of the breast-PET/CT system will be to combine the gantry tested in this work with the patient bed currently under development ( Figure 10 ). The bed includes tungsten-alloy panels to shield the PET detectors from annihilation photons produced by radiotracer uptake in organs of the patient. In addition to the bed, the final system will also include a breast holder to immobilize the breast during the scanning procedure using minimal force (no compression is necessary).
CONCLUSION
In this investigation, the basic performance characteristics of a dedicated breast-PET/CT system were assessed. NEMA NU4-2008 testing of the PET component of the system produced results that compare well to high-resolution small animal systems and other dedicated breast-PET scanners. The CT component demonstrated good resolution (comparable to some existing systems) and contrast performance. The potential value of this system is its capability to produce combined dual-modality images that could improve detection of breast disease, especially in breasts challenging to examine with standard methods. The next steps in development of the WVU dedicated breast-PET/CT scanner are addition of Compton scatter reduction methods (anti-scatter grid or model correction), assessment of MGD as a function of breast size and exploration of the potential diagnostic imaging capabilities of dual-modality breast imaging using anthropomorphic phantoms and human subjects.
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